Introduction
Bone defects result from a wide variety of pathologies, including osteoporosis, cancer, reconstructive surgery, congenital deformity, and traumatic injury. Bone healing in sub-critical size defects proceeds via a strictly regulated cascade of events ( Figure 1 1 ) that can be divided into three separate stages: the early inflammatory stage, the repair stage, and the late remodelling stage. 2 Early phases are characterized by the formation of a hematoma and infiltration by inflammatory cells. These cells induce migration of osteoblasts to the injury site and stimulate a structurally unorganized cellular response that is not capable of supporting a load or protecting internal organs. This new bone is then remodelled to the final bone structure via osteoclasts and macrophages. Unfortunately, healing can be impaired by a number of factors, including poor blood supply, associated soft-tissue injury, extensive bone loss, and infection. 3 In cases of a critical size defect, 4 , 5 unassisted repair may not be possible. 2 As many large bone defects are caused by age related pathologies (i.e., osteoporosis, cancer), demand for methods of large area bone repair will increase as the population ages. The current gold standard for large bone defect repair is an autologous graft from a donor site, such as the iliac crest of the pelvis. Allogeneic bone grafting is now rare because it can result in disease transmission or rejection, while autologous grafts have several limitations. Bone graft harvesting procedures can result in donor site morbidity (i.e., in up to 15% of patients 6 ) , and there are limitations to the size and shape of Figure 1 : The Bone Healing Process. Upon the fracturing of a bone (A), blood vessels are severed allowing for the creation of a blood clot, or hematoma, within the bone cavity (B). As the blood clot breaks down (C), granulation tissue forms, allowing angiogenesis to occur within the injured area. Meanwhile, the periosteum of the healthy bone replicates and transforms into chondroblasts, creating a cartilaginous scaffold within the cavity (D). The next phase begins as the process known as endochondral ossification transforms the cartilaginous tissue into trabecular bone matrix (E). Once the cartilage callus has been transformed into laminar bone (F), the bone remodelling process begins to transform the outer laminar bone into compact bone. Image modified, with permissions, from Lissenberg-Thunnissen, S. N. et al., Int Orthop, 2011, 1271.
Bone Matrix Mimetics
Bone matrix mimetics are designed to support bone regeneration when autologous graft materials are not available or not suitable. Mimetic scaffolds should ideally be biocompatible, osteogenic, osteoinductive, and/or osteoconductive, meaning that they should support differentiation of cells into osteoblasts that can form bone, induce progenitor cells to form bone, or support ingrowth of existing osteoblasts that can form new bone needed to repair the injury site and allow vascularization. 9 Scaffold porosity is critical to support these functions. 10 The presence of interconnected pores allows for endogenous cells, such as bone progenitor or endothelial cells, to migrate into the scaffold, permit transport of nutrients, waste removal, and the ingrowth of blood vessels and nerve. [11] [12] [13] [14] More specifically, a minimum pore size of ~ 100-150 microns is required for bone formation, 11, 15 whereas vascularization requires pore sizes of at least 300 microns. [15] [16] [17] Extracellular matrix (ECM) production of cell-seeded solid scaffolds is also affected by pore size, with larger pores (~400 microns in a PDLLA scaffold) leading to a well-organized collagen network. 18 High pore volumes also increase permeability of nutrients throughout the scaffold; increasing bone regeneration and blood vessel infiltration. 13 However, balancing the percent of void volume available for cell infiltration with the mechanical integrity of the scaffold can be challenging. In addition, bone tissue engineering scaffolds are usually expected to be resorbable and to guide incoming progenitor and vascular cells until neotissue has formed. 19 Tuning the degradation rate of the matrix may be the most crucial variable in the development of bone tissue engineering scaffolds. There is substantial disagreement over the appropriate rate of scaffold resorption with suggested values between 2-3 weeks, after initial development of neobone, to suggestions that resorption should be delayed until regeneration is complete (i.e., ~ 3-6 months). 9 However, there is general agreement that a degradation rate faster than the rate of cellular infiltration will cause union failure. Similarly, a degradation rate slower than the rate of infiltration may prove antagonistic to new bone formation, increasing the risk of graft failure. Furthermore, it may be desirable to tailor degradation rates to allow for controlled release of growth factors and/or drugs. 20 Optimizing these properties to obtain scaffolds that can mechanically and biologically support regeneration until they are no longer needed is the great challenge of bone tissue engineering. and tricalcium phosphate (TCP), as well as a composite comprised of both substances and known as biphasic calcium phosphate (BCP), being the most commonly employed. Unfortunately, ceramic implants are prone to brittleness and may display inappropriate degradation rates. One of the greatest challenges with both metals and ceramics is tuning the resorption rate. Polymeric scaffolds have also been of great interest because of their biocompatibility and biodegradability. Amongst the most common natural polymeric scaffolds investigated are collagen, fibrin, alginate, and hyaluronic acid, which are typically employed in hydrogel form. However, naturally-derived polymers may exhibit pathogenic impurities, limiting their clinical application. 19 Synthetic polymers, such as poly(propylene fumarate) (PPF), poly(lactic acid) (PLA), poly(glycolic acid) (PGA), poly(caprolactone) (PCL), and poly(ethylene glycol) (PEG) have also been employed in both hydrogel and solid-cured scaffold forms. These polymers are widely used, have been employed in FDA approved devices, 25, 26 and can be designed to degrade via non-enzymatic hydrolysis. Synthetic scaffolds can be created with a variety of programmable features (i.e., porosity, pore size, degradation rate, and mechanical properties) that can be tailored to intended application sites. [27] [28] [29] [30] [31] However, polymers generally have a lower modulus than either metals or ceramics, 32 and thus have been limited in application to areas of low mechanical stress. 33 Given the need to precisely design bone tissue engineering scaffold properties, including morphology, resorption rate, osteoconductivity, and osteoinduction, attention has increasingly focused on the development of composites to tune these properties. Composites most closely reflect the natural structure of the bone matrices, which are a combination of organic and inorganic material.
Materials Used as Bone Mimetics

Hydrogels
One promising class of candidate materials that could be used to form such composites are hydrogels, which have been shown to increase angiogenesis and osteoconductivity in bone repair models. [34] [35] [36] Hydrogels are networked, hydrophilic polymers, typically formed via cross-linking or chain entanglement, that absorb significant amounts of water. 37 As such, hydrogels potentially provide a substrate that functions like the collagen component of newly forming bone ECM. As previously mentioned, hydrogels can be derived from either natural (e.g., collagen, gelatin, fibrin, hyaluronic acid, alginate, agarose, and chitosan 38 ) or synthetic (e.g., poly(ethylene oxide), poly(vinyl alcohol), poly(acrylic acid), poly(propylene fumarate-co-ethylene glycol), and polypeptide) materials. Natural polymers offer the advantages of low toxicity and high biocompatibility, and are often derived from components of the mammalian extracellular matrix (e.g., collagen, hyaluronic acid, and fibrin) or marine algae sources (e.g., alginate and agarose). Natural materials are typically cross-linked via chain entanglement, but can be chemically modified to promote crosslinking. Synthetic polymers are chemically synthesized and are usually cross-linked via chemical methods ( Figure 2 39-41 ), including photo-and thermally-initiated polymerization. In comparison to natural hydrogels, synthetic hydrogels allow for improved control over physical properties, such as crosslinking density, mechanical strength, and enhanced tailoring of chemical and biological responses. 42 However, unmodified synthetic materials often lack biological activity. With regards to natural hydrogel materials in particular, it should be noted that collagen comprises approximately 90% of organic matrix in the bone. Post-translational modification of natural collagen creates extensive crosslinking within the matrix, and assists in the mineralization process; providing much of the structural and mechanical properties of bone. 43 Alternatively, hyaluronic acid is another major component of connective tissue, though less prominent in bone. Whereas its function in bone ECM is not well understood, hyaluronic acid plays a role in wound healing and cell migration. 44 Thus, these two materials are potential candidates for bone tissue engineering. Hydrogels can be manufactured with a range of mechanical properties tailored to the healing process for specific tissue types 45 , and can be used to support cell culture both within the gel and on the gel surface. 46 Additionally, hydrogels can be patterned using several approaches to more closely mimic tissue microanatomy. 47, 48 As such; hydrogels have been used extensively in tissue engineering. However, most hydrogels are soft materials, with elastic moduli ranging from ~kPa to MPa, whereas native bone has moduli of ~ 1-27 GPa. 49 Thus, hydrogel implementation in bone tissue engineering has been limited compared to other tissues. 42 Mechanical properties of hydrogels can be modified for use in bone regrowth by adjusting the number of cross-links, type of monomer, and the local environment (e.g., swelling). 50 However, the formation of composites that combine hydrogels with stronger materials already used in bone tissue engineering, such as bone cements, is more commonly performed 51 . (For more detailed synthetic approaches to such materials please see D'Este et al. 52 and Geffers et al. 53 These materials are commonly composited with collagen, hyaluronic acid, or polysaccharide hydrogels, whose syntheses and composite formation are described in more detail in Ferreira et al. 54 , Xu et al. 55 , and
Khan et al. 56 , respectively.)
In addition to cell culture and tissue engineering, hydrogels are attractive candidates for bone tissue engineering because of their capability for controlled release of drugs and soluble factors. 57 Hydrogel drug release can be controlled by hydrolytic degradation, 58 degradation by native enzymes produced in the microenvironment 59 (e.g., matrix metalloproteases or MMPs), or through release in response to a rapid physiological change. The latter type of hydrogels, are known as "smart" hydrogels. Smart hydrogels include thermoresponsive materials (e.g., poly-(N-isopropyl acrylamide) (pNIPAAm) 60 ) that collapse at a temperature near physiological, 61 altering release at temperatures near the lower critical solution temperature (LCST), and pH-sensitive materials (e.g., poly(acrylic acid) (PAA)) 62 that swell and contract in response to changes in the local charge environment.
Hydrogel Scaffolds for Bone Tissue Engineering
Some of the earliest work using hydrogels for bone tissue engineering examined chitosans, linear polysaccharides that can form hydrogels through chain entanglement or chemical cross-linking. 63 This was followed by work in other natural systems, such as collagen, hyaluronic acid, [64] [65] [66] and synthetic polymers [67] [68] [69] that could be modified to improve controlled release and cytocompatibility. These initial systems demonstrated good biocompatibility and ability to induce bone formation. To improve osteogenic and osteoinductive properties, hydrogels have been modified with peptides, most notable the arginine-glycine-aspartic acid (RGD) motif, which is the primary peptide sequence involved in integrin-extracellular matrix binding. 70 For example, alginate hydrogels modified with the RGD peptide demonstrated increased osteoblast adhesion and spreading compared to control, unmodified hydrogels (Figure 3 71 ). There was also a direct correlation between ligand density and cell proliferation, and improved in vivo bone formation was observed in a mouse model. Similarly, the RGD sequence was also used to modify oligo(poly(ethylene glycol) fumurate) (OPF) hydrogels, which contain repeating units of PEG and fumaric acid. 72 PEG and poly(propylene fumarate) (PPF), a fumaric acid analog, have been individually used as bone tissue engineering scaffolds, and hydrogel composites of these materials are degradable through ester hydrolysis of the PEG-fumaric acid bond. However, this study showed limited efficacy of peptide modfication in vivo. Given that peptide density and spacing all likely contribute to tissue response, these variables must be optimized in any modification approach. There have also been attempts to modify hydrogels with mineralizing agents. 73, 74 For example, poly(2-hydroxy etheyl methacrylate) (pHEMA) was modified with alkaline phosphatase via a copolymerization technique to yield composites that permitted mineral deposition within ~ 2 weeks. 73 These materials had biomimetic properties that mimic features of matrix vesicles in bone and cartilage that participate in bone mineralization. Whereas hydrogel scaffolds demonstrate success in vitro, in terms of promoting adhesion and differentiation of bone cells, most hydrogels do not maintain sufficient mechanical integrity for independent use in load bearing sites. Therefore, there has been substantial interest in forming composites of hydrogels with other materials. An obvious first approach is to composite hydrogel materials with each other, such as early work examining collagen-hyaluronate composites. 64 These materials demonstrate the synergy that composites can provide in terms of chemical properties, as composites of collagen-hyaluronate showed greater osteoconductivity than either material independently. Complexation with other, more rigid polymeric constructs, such as electrospun fiber meshes, can be used to provide a template for tissue regeneration and improve structural rigidity. 75, 76 However, to enhance mechanical properties, the most popular approach has been complexation with ceramics. Hydrogels have been complexed with calcium phosphates, 77 fumed silica nanoparticles, 78 bioactive glass nanoparticles, 79 and nano-hydroxyapatite. [80] [81] [82] [83] [84] [85] Hydroxyapatite (HA), a naturally occuring calcium mineral found in bone, is by far the most popular complexing ceramic agent. Complexation of hydrogels, such as collagen with HA, has been shown to promote bone growth and resorbtion by osteoclasts, similar to autografted bone. 84 Hydrogel-HA complexes also demonstrate improved mechanical properites, as well as processability over that of individual materials. 84, [86] [87] [88] For example, PEG-PCL-PEG/ collagen/HA "smart" hydrogel composites can be created that are injectible at room temperature, yet thermoset near physiological temperature. 88 Other nano-ceramics, such as bioactive glasses, 79 show similar benefits when complexed with hydrogels (Figure 4  79 ). Hydrogels provide an injectable carrier that permits targeted delivery, whereas ceramics provide bioactivity and mineralization promoting properties. In addition to mechanical properties, complexation can influence the nanostructure of the hydrogel, with concomittant changes in cell response. For example, the addition of fumed silica nanoparticles to pHEMA composites yielded an increase in cell proliferation that was not observed with a similar concentration doping of microparticles. 78 Osteoblasts cultured on the composites also exhibited a spread morphology, similar to that found in vivo, as opposed to the rounded morphology observed on pHEMA alone ( Figure  5 78 Native BMPs are produced by osteoprogenitor and osteoblast cells. TGF-β1 is expressed in both mature and regenerating bone, and its expression is increased by mechanical loading. 93 In the bone regrowth process, TGF-β1 is believed to be released by clot forming platelets and to stimulate cell proliferation. 92 However, its role in osteoinduction is uncertain, potentially requiring high doses. FGF encourages cell proliferation and also angiogenesis, important components of the bone healing process, and is expressed by osteoblasts. In addition to these growth factors, there has been interest in controlled release of other molecules, such as antiinflammatory drugs to combat the foreign body response to bone implants [94] [95] [96] and to modulate the critically important inflammation phase of the regeneration process. 97 Early work in the area of bone tissue engineering controlled release focused primarily on gelatin/collagen composites. Gelatin is a hydrolyzed form of the collagen protein, and the popularity of both materials stems from the fact that collagen nanofibers comprise portions of native bone. 89 Gelatin/collagen composites have been used to release BMPs 98, 99 , FGF 100 ( Figure 6 100 ), and TGF-β1 101 , as well as antiinflammatory compounds 102 . These constructs demonstrated improved bone formation in vivo compared to hydrogels not releasing factors or factor addition alone, [98] [99] [100] [101] with drastically improved pharmacokinetic profiles compared to injected factors. For example, BMP was present in hydrogels even after 30 days, whereas injected solution was cleared from the body within 24 hours. 99 In addition to gelatin/collagen, hyaluronic acid, a native component of bone and tissues 44 , has been used as a carrier for factors. Unmodified hyaluronic acid hydrogels are generally assemble in solution, and thus can be designed in injectable form, and synthetic hydrogels, such as photo-cross-linked PEG. 68 Like hyaluronic acid, PEG is generally not supportive of cell adhesion, but combination with growth factor delivery can increase bone formation and mineralization. Importantly, photo-encapsulated growth factors maintain viability throughout the photo-encapsulation process. 68 One of the most critical elements in the design of hydrogels for controlled release in bone tissue engineering is the balance between the rate of factor elution and the rate of gel degradation. 100 Most hydrogels release factors via controlled degradation, typically via ester hydrolysis, 58 the rate of which can be tuned to offer factor elution over days to months. However, the ideal degradation rates for scaffold dissolution and factor release often differ. Scaffolds that degrade too quickly fail to provide adequate support for bone growth; scaffolds that degrade too slowly prevent proper infiltration of regenerating bone. Degradation rates of up to 12 weeks have shown little influence on bone infiltration. 107 Degradation rate can be influenced by the local environment, particularly for natural hydrogels. 101 For example, 95 wt% gelatin hydrogels containing TGF-β1 and implanted in a rabbit cranial defect degraded completely within six weeks compared to control hydrogels containing no TGF-β1, which were still intact. This most likely resulted from the production of proteases released by the activated cells surrounding the implant. It was also observed that intermediate degradation rates were ideal for bone regrowth, consistent with the needs for prolonged factor delivery and scaffold degradation rates rapid enough to permit bone regrowth. However, factors themselves may modulate healing rates, with increased factor release accelerating healing and reducing the time of scaffold integrity needed. For example, Patterson et al. 108 showed that hydrogels that degraded rapidly, and therefore released factors at higher initial doses, showed good bone regrowth despite rapid loss of scaffold integrity. Control of degradation can be enhanced using mechanisms other than ester hydrolysis for gel degradation. For example, in an attempt to match physiological regrowth, MMP-cleavable substrates have been incorporated directly into the hydrogel matrix. 109 MMPs are naturally secreted enzymes that degrade proteins, such as collagen, to permit tissue regeneration and remodeling. Thus, MMP-cleavable substrates should degrade according to the rate of tissue regeneration, permitting biological control of scaffold degradation.
Another approach is to decouple degradation and drug release rates through the use of a two-material system. For example, incorporation of drug-eluting microspheres within hydrogel composites permits independent modulation of release rates through the choice of microsphere carrier, while permitting separate tuning of the degradation of the scaffold material. 110, 111 Further, there is some evidence that encapsulation may preserve factor biological activity over solution phase, most likely by protecting factors from degraditory stimuli in the environment. 110 Release from these systems can occur through diffusion across both material phases or be dynamically altered through the use of smart hydrogels. For example, dextran/gelatin hydrogels containing Dextran/ PEG microspheres permitted optimization of the LCST in the physiological range. 112 Collapsed gels exhibited much slower BMP release than gels at room temperature, suggesting that drug release could be tuned by altering material LCST.
Cellularized Hydrogel Scaffolds for Bone Repair
Hydrogels have been widely used to encapsulate and deliver cells that support natural tissue regeneration. For bone tissue engineering, implanted cells should promote initial stages of bone repair, when the patient is most likely to be deficient in osteogenic growth factors. 20 In addition, cells should differentiate into osteoblasts and promote the initial formation of vascular tissue. Stem cells are thus an obvious candidate for bone repair because of their ability to differentiate, and the most commonly investigated cell type is mesenchymal stem cells (MSCs). MSCs are most frequently isolated from bone marrow, 113 although adipose-derived stem Initial efforts to deliver cells using hydrogel supports primarily focused on infiltration of cells into existing scaffolds, rather than true encapsulation. 65, 115 Encapsulation approaches for bone tissue engineering were introduced by the Anseth group through a series of papers in 2000 and 2002 67, 116 demonstrating a photo-encapsulation method in acrylated PEG hydrogels. A key finding in this work was that encapsulation did not significantly alter cell viability. Other papers from this group describe the limits of this approach in more detail, 117 for example potential cytotoxicity of the cross-linking agent. In addition, the use of additives such as ceramics, common in hydrogel scaffolds, can interfere with the photo-cross-linking process.
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Natural cross-linking approaches have also been employed, for example mesenchymal progenitor cells were encapsulated in fibrinogen hydrogels generated by the addition of thrombin. 118 These materials were then introduced to PCL and PCL-HA materials created by fused deposition modeling, a form of 3D printing. Similarly, beta-glycerophosphate, which has osteogenic properties, was used to initiate gelation of chitosan, collagen, and their composite to encapsulate bone marrow derived stem cells. 119 Chain entanglement approaches are also popular for natural materials, such as collagen 120 and alginate, and can be used to encapsulate cells, as well as ceramic additives. 121, 122 Synthetic polyethylene oxide "smart" hydrogels have also been formed via a similar thermo-setting approach and used to encapsulate MSCs, which formed bone upon injection into mice. 123 In many of these cases, hydrogels are used to fill solid-cured scaffolds to facilitate bone progenitor or endothelial cell proliferation, migration, attachment, and/or differentiation. Another common presentation for hydrogels in bone tissue engineering composites is in microstructure form, usually as a bead. Many ceramic materials are not conducive to live cell encapsulation, and the incorporation of cell encapsulating hydrogel microbeads provides a potential solution to this issue. For example, cells cultured in alginate beads were able to sustain osteoblasts in culture, whereas nearly all cells exposed to calcium phosphate cement alone died (Figure 7 124 ).
Presentation in bead form also provides a potential means of injectability, permitting conformal filling of the defect shape. 125 Culture in microstructure form also takes advantage of the ability of hydrogels to support 3D culture. For example, 3D nanotubes display much more extensive cell proliferation than essentially flat alginate disks, despite being composed of the same concentration alginate solution. 126 Similarly, cells embedded in 3D collagen beads demonstrate increased calcium and bone protein deposition compared to cells cultured on the same materials in 2D. 127 It should be noted that mechanical characteristics of hydrogels, both static 45 and dynamic 128 , can contribute to cell response within the hydrogel, including proliferation, differentiation, and bone forming potential. For example, MSCs subjected to cyclic compression, potentially mimicking natural loading strains experienced during bone repair, increased markers related to bone forming potential over cells cultured in gels without compression. 128 Thus, mechanics of the hydrogel support, as well as ability to survive preimplantation culture, should be considered in designing bone tissue engineering scaffolds.
Combined Delivery Systems
The combination of factor delivery with cell encapsulation in hydrogel supports has yielded some of the most promising data, especially in hydrogels that do not typically support cell culture. 
Three-Dimensional Printed Constructs for Bone Tissue Engineering
As with most types of tissue engineering, generating vasculature remains a major challenge in clinical implementation. Successful angiogenesis has been directly linked with enhanced quality of newly formed bone. 132 One potential technology to address vascularization, as well as provide the porosity necessary for cell infiltration and bone growth, is the use of 3D printing to create scaffolds with intrinsic, multiplexed structures (Figure 8  133 ) . Because of these advantages, and the fact that 3D printed scaffolds can generally be produced and replicated at low cost, 134 they have been applied for large gap bone repair. 135 Three-dimensional printing was developed in the early 1980's. 136, 137 Though various modalities exist, there are four main printing methods currently employed. Fused deposition modelling, 138 utilizes an extruding device to sequentially eject the solid polymer feedstock at high temperature (i.e., above melting temperature) while scanning over the printing surface. Within this subfield, microextrusion printing, which employs a head moving in the x-y-z planes, is the most commonly used. This method generates beads instead of droplets and is therefore able to print high viscosity materials. However, pressures required for extrusion can negatively impact cell viability. 139 Stereolithography, 140 uses a an external stimulus to initiate polymerization (i.e., ultraviolet light (UV) or a laser) in conjunction with a reaction initiator. This method can create scaffolds with high resolution and can be used across a wide range of polymer viscosities because polymerization is tightly controlled, but the addition of polymerization-initiating chemicals may negatively impact cell viability. 117 Bioprinting, or inkjet printing, is commonly used with cells and hydrogel carriers. However, bioprinting requires deposition of multiple layers with registration. 141 Additionally, cells must survive potential shear forces encountered during the printing process. Finally, laser sintering uses a laser, rastered across the sample, to locally heat powered ceramics, metals, and polymers to their melting temperature to yield the final scaffold. 141 Laser sintering is generally used in a layer-by-layer assembly approach and may require multiple passes. In addition, resolution is significantly lower than that of stereolithography.
Hydrogels in 3D Printing for Bone Tissue Engineering
Several materials have been investigated for 3D printing in bone repair, the most common of which are ceramics, such as calcium phosphates and hydroxyapatite, 142 polymers such as PPF, PCL, PLGA, and poly(vinyl alcohol), 141 and metals including NiTi. 143 Hydrogels are primarily used as cell carriers in bioprinting or stereolithography. In both cases, the hydrogel must be extruded from a nozzle onto the printing surface where polymerization is initiated by a specific trigger, such as ultraviolet (UV) light, temperature, or pH changes. Hydrogels are ideal candidates for 3D printing via these approaches because their formation can be initiated through a variety of chemistries, including chain polymerization, Michael addition 144 , physical entanglement, click chemistry 145 , and radical polymerization 146, 147 reactions (Figure 2 ). Cross-linking methods involving chain polymerization and Michael addition generally demonstrate poor control over the final structure, and therefore, these methods are less frequently used in 3D printing. However, cross-linking initiated via radicals has several advantages in 3D printing applications. Because polymerization is initiated through chemical-or photogenerated radicals, the area of cross-linking can be precisely controlled and the speed is generally rapid. Chain entanglement via thermal setting is also commonly used, provided that the time to set can be tuned to permit rapid polymerization following the deposition phase. In addition to cross-linking speed, viscosity of the hydrogel is also crucial. Ideally, the hydrogel would demonstrate shear thinning to allow extrusion through the printer nozzle, with immediate cessation of flow to maintain the resolution of the plotted shape. Highly viscous materials will hold their shape throughout the printing and polymerization processes, lending integrity to the final printed structure. Low viscosity materials do not retain shape over long time periods and can only be used in combination with rapid polymerization methods. In addition, feature resolution is diminished by rapid flow of the material before polymerization to the final form. Hydrogel viscosity is affected by multiple material properties, such as the molecular, monomer, and cross-linking densities, cell concentration, bioactive molecule concentration, and ECM protein concentration. 148 Early attempts to employ hydrogels in 3D printed structures for bone tissue engineering fabricated chitosan-HA composites using a robotic dispensing system. 149 Chitosan polymerization was initiated by the addition of base; chitosan is not water soluble at high pH. Osteoblasts cultured on these scaffolds in the presence of fibrin glue survived and proliferated over the four weeks of observation. As an alternative to direct printing, hydrogels have also been incorporated as fillers that infiltrated pre-formed polymer 118 or ceramic 150 scaffolds. The primary purpose of hydrogels in these materials is to serve as a cell carrier, whereas the polymer scaffold provided mechanical rigidity. The combination of hydrogels with 3D printed polymers has led to significant formation of cell-cell and cell-ECM interactions. In addition to cells, 3D printing approaches can be used to print microbeads encapsulating growth factors. For example, BMP-2 loaded gelatin microparticles were printed in alignate scaffolds using CaCl 2 ionic cross-linking. 151 A signficant advantage of 3D printing approaches is the ability to spatially pattern cells, ligands, and factors. The principal limitation in engineered bone grafts is believed to be the inability of vascular networks to penetrate graft materials, resulting in an insufficient supply of oxygen and nutrients throughout the construct, and therefore, the death of regenerating or seeded cells. However, porosity can be controlled directly by 3D printing to enhance ingrowth of regenerating tissue and oxygenation of encapsulated cells, which is difficult through traditional hydrogel formation methods. 152 In the case of photo-cross-linked entities, the concentration can also be controlled. 153 For example, bone marrow stromal cells and endothelial cells were co-printed in alginate, Matrigel, Lutrol F127, and methylcellulose hydrogels. 154 Three-dimensional printing permitted both cell types to be precisely patterned within the gel, simulating potential in vivo presentation. When combined with growth factor printing as described in Poldervaart et 
Conclusion
Tissue engineered bone constructs provide an alternative to autograft and allograft procedures; however, clinical implementation will require scaffolds that demonstrate good biocompatibility, biodegradability, vascularization potential, mechanical properties, osteoconductive, osteoinductive, and osteogenic potential. Individual materials investigated, including metals, ceramics, and polymers, have yet to meet all of these goals, and thus composites that offer the potential to tune overall scaffold properties by controlling the ratio of optimized constituents are desired. Hydrogels have much to offer as bone tissue engineering materials, especially in composite form where their mechanical properties can be increased by addition of other materials. Among these, natural hydrogels, including collagen and hyaluronic acid, which already form part of the native bone matrix, and PEG, which provides a blank slate that can be investigator modified, offer the most potential as bone tissue engineering materials. Hydrogels can be used to provide degradability, native chemical signals (e.g., for example collagen or hyaluronic acid), controlled release of encapsulated factors, and delivery of cells encapsulated within their matrices. In addition, their thermosetting and radical-initiated cross-linking properties permit their use in 3D printing, which can be employed to generate scaffolds that conform to specific target sites, incorporate spatially patterned cells and growth factors, and to add porosity to enhance tissue ingrowth and vascularization. In addition, many hydrogel constituents are already used in FDAapproved devices, making them attractive for rapid clinical translation. Thus, hydrogel composites, particularly with collagen, hyaluronic acid and PEG, show great promise for future application in bone tissue engineering.
